Abstract. We explored the potential for clinical research of computed tomography (CT) with monochromatic x-rays using the preclinical multiple energy computed tomography (MECT) system at the National Synchrotron Light Source. MECT has a fixed, horizontal fan beam with a subject apparatus rotating about a vertical axis; it will be used for imaging the human head and neck. Two CdWO 4 -photodiode array detectors with different spatial resolutions were used. A 10.5 cm diameter acrylic phantom was imaged with MECT at 43 keV and with a conventional CT (CCT) at 80 kVp: spatial resolution ≈ 6.5 line pairs (lp)/cm for both; slice height, 2.6 mm for MECT against 3.0 mm for CCT; surface dose, 3.1 cGy for MECT against 2.0 cGy for CCT. The resultant image noise was 1.5 HU for MECT against 3 HU for CCT. Computer simulations of the same images with more precisely matched spatial resolution, slice height and dose indicated an image-noise ratio of 1.4:1.0 for CCT against MECT. A 13.5 cm diameter acrylic phantom imaged with MECT at ≈ 0.1 keV above the iodine K edge and with CCT showed, for a 240 µg I ml −1 solution, an image contrast of 26 HU for MECT and 13 and 9 HU for the 80 and 100 kVp CCT, respectively. The corresponding numbers from computer simulation of the same images were 26, 12, and 9 HU, respectively. MECT's potential for use in clinical research is discussed.
Introduction
Refinements of computed tomography (CT), such as improvements in the source, detector, gantry, data acquisition, system control, image processing, image corrections and display, have broadened CT's clinical usefulness (Hamberg et al 1994) . In particular, dynamic focal spot technique, dual-slice scanning, and high-resolution CT (Arenson 1995) , helical or spiral CT (Kalender 1995) , CT angiography (Rubin et al 1993) , and ultrafast CT (McCollough 1995) have been introduced. Nevertheless, limitations from the large beam-energy width have not been overcome, and all current CT systems employ bremsstrahlung radiation, which inherently has a broad energy spectrum. Development of high-intensity synchrotron x-ray beamlines in the last decade allowed advances to be made in monochromatic CT (Thompson et al 1984 , Dilmanian et al 1991 , Dilmanian 1992 , Nachaliel et al 1992 , Takeda et al 1994 , Kress 1995 , Wu et al 1995 , which further improved CT's soft-tissue contrast, image quantification, and elemental sensitivity.
This paper characterizes multiple-energy computed tomography (MECT), a monochromatic CT system under development at the X17B superconducting wiggler beam line of the National Synchrotron Light Source, Brookhaven National Laboratory (BNL). Singleand dual-energy images from the preclinical MECT system are presented, together with conventional CT (CCT) images of the same subjects under similar conditions. Computer simulations of both MECT and CCT results are also reported.
Upon its completion, the MECT system will first be applied to certain clinical studies in neurology and cardiology. The system will have an ≈ 19.5 cm field of view (FOV) for symmetric, and ≈ 36 cm useful FOV for asymmetric scanning (i.e., when the beam covers the rotation axis and only one half of the subject). The patient's chair will rotate at 72
• s −1 . Clinical research with MECT is mainly expected to involve high-sensitivity and/or high-resolution, quantitative CT angiography in conjunction with I or Gd contrast agents using helical CT at a single breathhold. It will also encompass dual-energy quantitative CT (DEQCT) (see, for example, Cann and Genant 1980, Goodsitt et al 1994) primarily for assessing the evolution of carotid artery plaques through their evolutionary stages: lipidosis, fibrosis, and calcification (Seeger et al 1995) . Emphasis will be on longitudinal studies in individual patients. We expect that MECT's reduced image noise and enhanced tissue contrast compared with CCT will not only allow better tissue characterization, but also reduce the number of patients required to attain a given statistical significance of results. Applications of MECT to other diagnostic and prognostic problems, including early detection of neurological disorders, can only be assessed by clinical research. Conceivably, MECT may also be used to image lesions of the thorax and the abdomen.
In its current state, MECT is synchrotron based; thus, its use is limited to a few research programmes in large laboratories. However, sufficient clinical incentive may be developed at the NSLS medical beamline to justify the commercial development of compact, nonsynchrotron-based clinical monochromatic CT systems.
Advantages of monochromatic CT
In the following discussion, the same subject absorbed dose was assumed for the monochromatic and the polychromatic methods.
(i) Monochromatic beams eliminate beam-hardening artifacts (Stonestrom et al 1981) , thus improving the detectability of low-contrast lesions and image quantification.
(ii) Monochromatic beams allow the beam's energy to be optimized for a patient's size (Grodzins 1983a , Spanne 1989 . Although the optimal energies depend on whether or not contrast is sought for lesions of different mean atomic number or different densities, in both cases the optimal energy is defined within ≈ 10 keV for human studies. On the other hand, CCT's energy spectra are typically 60-90 keV wide (40-60 keV full-width at half-maximum). For example, a 120 kVp beam, filtered with 2.5 mm Al and 0.12 mm Cu, extends (at one-tenth of maximum) from 25 to 115 keV with a mean energy of ≈ 60 keV. The lower end of the spectrum adds radiation dose but makes little contribution to image quality because of its low transmission through the subject, while the higher end produces little soft-tissue contrast.
(iii) In contrast imaging, a monochromatic beam allows the beam's energy to be tuned immediately above the K edge of the contrast element (Grodzins 1983b ) (K-edge imaging, hereafter), thus maximizing the signal's size. For iodine (a K edge of 33.17 keV) the resulting gain in image contrast can be threefold or more, depending on the polychromatic beam spectrum (iodine's attenuation coefficient rises ≈ 5.6-fold at the K edge). Furthermore, images can be acquired immediately above and below the K edge and then logarithmically subtracted to improve the contrast agent's quantification. The latter method is referred to as K-edge subtraction, and is undergoing clinical evaluation at several synchrotron beamlines for transvenous coronary angiography (see, for example, Rubenstein et al 1986) . Although implementation of monochromatic CT at the iodine K edge is suboptimal for head imaging and impractical for chest/abdomen imaging because of the low transmission of the 33 keV x-rays in tissue (transmissions of 33 and 50 keV x-rays through 40 cm soft tissue, i.e. the depth of the human adult shoulder musculature, are 1/292 000 and 1/7300, respectively), it can readily be used for imaging the human neck. On the other hand, limitations of a 33 keV beam for whole-body CT and the prospects for developing a clinical narrow-energy-band CT may encourage the evolution of CT contrast agents with higher-Z elements than iodine, such as gadolinium (K edge = 50.23 keV) (see Zeman and Siddons 1990) .
(iv) The well defined energy of the monochromatic beam would make it ideal for DEQCT. The method, which is in effect dual-photon absorptiometry in the CT mode, produces two separate images of light-and intermediate-Z elements.
MECT system design

Beam and monochromator
The X17B beamline is the central, 5 mrad sector of the X17 beamline at the NSLS's 2.52 GeV x-ray storage ring (van Steenbergen et al 1980) . The X17 wiggler was operated at 4.66 T during our experiments to provide a 19.8 keV beam critical energy, E c (E c is the energy that demarcates the spectrum into halves, each with equal power). Filters between the wiggler source and the 22.3 m distal monochromator are (i) 0.39 mm of graphite, (ii) three Be windows totalling 1.27 mm, and (iii) a 3 mm Si filter, positioned immediately upstream from the monochromator and halving the heat loading on the crystal. A fourth filter, called a 'bowtie' beam filter (Joseph 1981) , was used only for some of the images. Its purpose is to preferentially reduce the peripheral beam intensity, and so to improve the uniformity of the subject's absorbed dose across the slice and protect the outermost detector elements from excessive dose. Our bowtie filter consisted of a 175 mm thick acrylic plate with a cylindrical opening of 170 mm diameter in its centre; it was positioned 35.5 m from the source. The typical beam lifetime is 35 h; the maximum and minimum ring currents during the experiments were about 250 and 110 mA.
The experiments reported in this paper were carried out in the two X17B experimental areas located in series: the Materials Science area, X17B1 (closer to the source, used for the first experiments) and the Synchrotron Medical Research Facility (SMERF; Thomlinson et al 1988) , X17B2. Table 1 lists experimental parameters used in these two areas.
The monochromator is a tunable, fixed-exit two-crystal Laue-Laue device, producing a monochromatic beam parallel to the incident white beam with a vertical offset of 15 mm (Shleifer et al 1994) . It employs two flat Si 111 crystals, 1 mm thick each, mounted on independent joystick (gimbals) mechanisms. Its energy range was 24.5-51.2 keV. Table 2 summarizes the parameters of the monochromatic beams at 33.2 and 43 keV. The monochromator was 'detuned' in our experiments, i.e. the second crystal was aligned slightly nonparallel to suppress beam harmonics; this reduced the beam's intensity to only 13-25% of the monochromator's peak yield, while reducing the beam harmonics to below 0.02%.
Detectors
Two different modular CdWO 4 -photodiode linear array detectors were used; both employed PIN (p-type intrinsic n-type) diodes. One (the high-resolution detector) was used for some of the images described below; however, it later exhibited excessive nonlinearity. The other (the low-resolution detector) was borrowed from the Analogic Corp. (Peabody, MA). Their structures are summarized in table 3.
The data-acquisition system
The front-end data-acquisition system (DAS) was developed by Analogic Corp. with a readout dynamic range of 10 6 :1. It was connected to a DEC Alpha 400 model 3000 through a custom-designed interface board fabricated by Wu and his colleagues at BNL via a direct-memory access (DMA) board on Alpha's turbochannel bus. Data were transferred from the computer's memory to a high-speed disk, using a pair of buffer memories at each step to allow uninterrupted data collection. The interface allowed a maximum sustained data flow rate of 2 Mbyte s −1 ; the duration was limited only by the disk's storage capacity, 1 Gbyte.
The image reconstruction program
The image reconstruction program developed by Wu at BNL used the filtered backprojection method; filtration is carried out in Fourier space and the backprojection is executed in configuration space. The program allows the isocentre of the rotating subject to be anywhere with respect to the detector, so simplifying alignment of the MECT system.
The CCT system
A GE HiSpeed CT scanner (General Electric Medical Imaging Systems, Milwaukee, WI) at the Department of Radiology, Health Sciences Center, State University of New York at Stony Brook, was used as the CCT to compare CCT and MECT images. The half-value layer (HVL) for the 80 and 100 kVp energy settings used in our studies were 4.2 and 5.7 mm Al, respectively. These HVLs were used in our computer simulations to estimate the thickness of filters in the beam, which allowed us to deduce that the mean energies of the 80 and 100 kVp beams were 43 and 55 keV, respectively.
Computer simulations
Computer simulations were performed for all the phantom images. The program simulates circular phantoms. It does not trace individual photons. Instead, it calculates, for a single beam energy at a time, the number of photons entering and exiting the phantom along each detection path, and broadens the exit number by a normally distributed noise, which is justified because of the large number of photons in the beam. X-ray beams are followed from the source to the individual detector elements. The detector and the DAS noise are assumed to be negligible compared to the photon noise, and are not included. In the polychromatic beam, photons are grouped in 1 keV bins; they are treated like monochromatic photons within each bin. The detected signal is the sum of the photons detected from individual bins multiplied by the bin's energy (assuming that the detector has a perfect sensitivity for all energies). Identical image-reconstruction parameters were used for both the simulations and the experiment.
Experimental methods
General
Data were collected at the rate of 1440 projections s −1 . During the off-line image analysis, 24 such projections were averaged to form one projection for reconstruction. The rotation speed of the subject's apparatus was only 24
• s −1 because of the monochromator's relatively low output. The monochromator's detuning was varied within 13-25% of the beam's peak yield to keep the detector's signal constant as the synchrotron's current decayed. Two separate 360
• data were collected with one lateral translation of the subject's rotation axis corresponding to one-half of one inter-element detector spacing between collections. Most of the images presented were interlaced during the reconstructions (Dilmanian 1992 , Kress 1995 . Reference data (i.e., data taken with no subject in the beam), collected before and after each subject slice was scanned, were used to calculate the absolute transmission. Frequent collection of reference data minimized variations in the beam profile's shape that were attributable to instabilities in the monochromator. Nevertheless, uncorrected instabilities, which amounted to ≈ 0.2% peak-to-peak for the typical 60 s elapse between consecutive air measurements, were the main limitation of the present system's image quality. These instabilities decreased with increasing monochromator detuning. The detection system's dark current was measured once every few hours. Short-term oscillations of the beam's intensity, which occurred with a constant beam profile, were compensated for by using data from the two unattenuated ends of the fan beam, designated 'air channels'. Linear variations of the beam profile's shape were corrected by linear interpolation between these ends (Kress 1995) . The detector's nonlinearities were uncorrected in the images presented. In some of the phantom images shown, ring artifacts were removed by software. The ring-removal routine detected derivatives in the radial direction, centred at the scanning isocentre. Certain thresholds were set to identify the rings, normally within a few CT numbers. The signal from the ring was then scaled by a common factor, after which the average ring value matched the interpolation of the average values of its neighbours. Table 4 summarizes the main parameters for the experiments reported. The MECT slice heights were 1.9 and 2.6 mm FWHM for experiments in the B1 and B2 rooms, respectively; figure 1 shows the B2 beam profile, measured close to the detector. The slice height was 3.0 mm for all CCT images. The pixel size was 0.445 mm for MECT with the highresolution detector, and 0.488 mm for CCT. The spatial resolutions shown are the frequency at 10% cutoff value of the modulation transfer function (MTF). The MTFs were measured with a standard 'impulse' phantom, i.e. a phantom including a thin, vertical axial metal wire (Gammex RMI, Middleton, WI). The profile of the image of the wire was first fitted with a Gaussian function, and then analysed to generate the MTF (Nickolloff and Riley 1985) . Figure 2 shows the MTF curves for the images presented.
Individual experiments
The individual subjects' studies are described below. The experimental details and the results are summarized in tables 4 and 5, and the simulation results are also given in table 5. The image noise was measured as a standard deviation of the CT numbers inside a region of interest (ROI). The ROIs for individual phantom channels were concentric circles of ≈ 2/3 of its diameter. Dosimetry for both MECT and CCT measurements were carried out with TLDs.
6.2.1. Subject 1: a rabbit's lower head. As a qualitative experiment, an anesthetized rabbit was imaged in the B1 room at the level of the cerebellum (figure 3). The slice diameter was ≈ 10.5 cm, and the skin absorbed dose was ≈ 6 cGy. The image was reconstructed with a Hanning filter with a cutoff at 60% of the Nyquist frequency; the two images were interlaced, as described above. A similar slice was imaged with CCT (figure 4) at a 3 mm slice height, 80 kVp and 800 mA s; the skin dose was ≈ 4 cGy. The product of dose and exposed area (MECT, 1.9 mm slice height; CCT, 3 mm) was the same for the two images. Both images delineate the muscle (lighter regions) from the subcutaneous fat. The dark bands along the continuation of the two jaw lines in the CCT image, which are absent from the MECT image, are assumed to be beam-hardening artifacts. To confirm this, the rabbit was also imaged at 1 mm slice height (not shown); the dark bands persisted. 
Subject 2: the ring phantom.
The phantom was a 98 mm diameter acrylic cylinder with concentric, circular 4 mm deep air grooves in its upper surface. The grooves had equal wall and valley thicknesses that decreased with increasing radius, from a 1.5 mm wide inner groove 2.3 mm from the cylinder axis to a 0.3 mm wide outer groove 48.5 mm from the axis. Figure 5 shows a 43 keV MECT image of the phantom, obtained at a surface dose was ≈ 7 cGy. The reconstruction used a ramp filter with a cutoff frequency equal to the Nyquist frequency; the images were interlaced. The MTF's 10% cutoff was 12.2 lp cm −1 ; the high resolution of the image is indictated by the visibility of the 0.3 mm wide outermost groove. This phantom was not imaged by CCT.
Subject 3
: the low-contrast standard phantom. The phantom was a 10.5 cm diameter acrylic cylinder that includes two conical inserts of the Gammex RMI (Middleton, WI) standard CT phantom inserts. One of these was the low-contrast insert (part No 460-013A) with five cylindrical, paraxial 0.6% contrast rods of 8.0, 5.6, 4.0, 2.8, and 2.0 mm diameters; the second one was the plain insert (part No 460-010). The phantom was imaged at 43 keV, once in the B1 and once in the B2 room.
Measurement a: B1 room. The phantom was imaged in the B1 room with the highresolution detector, without interlacing, and at 3.1 cGy surface dose ( figure 6(a) ).
Measurement b: B2 room. The phantom was imaged in the B2 room with the lowresolution detector, with interlacing, and at 2.6 cGy surface dose ( figure 6(b) , left-hand side).
CCT measurement. The phantom was imaged at 80 kVp and 400 mA s, at 3 mm slice height, and 3.0 cGy surface dose (figure 6(c), left-hand side).
The B1 measurement and the CCT measurement are nearly matched in their parameters: the B1 image has 7 lp cm −1 spatial resolution while CCT has 6.5 lp cm −1 ; the B1 image has 0.445 mm pixel size, CCT has 0.488, and in both the dose multiplied by the slice height was 6.0 cGy mm. However, the image noise was ≈ 1.5 HU for the B1 image and ≈ 3 HU for the CCT image. All five inserts are detected in the B2 image, compared to four or five in the B1 image (where the phantom's body and the plain insert are not visible), and four or five in the CCT image.
Our computer simulations were used to reproduce the B1 and the CCT images described above. The same pixel size (0.445 mm) and the same MTF curves (with 7 lp cm −1 10% cutoff) were assumed. The results were 1.5 HU for the B1, and 2.1 HU for the CCT (see table 5), indicating a 1.4:1.0 ratio between the noise values for these two images. 
Subject 4: iodine phantom.
The phantom was a 135 mm diameter, 3 cm long acrylic cylinder containing 30 11 mm diameter paraxial cylindrical channels. The channels were arranged in five diametric arrays of six channels each, positioned 36 apart. Figure 7 shows the pattern of the channels, and the channels' iodine concentrations. This design allowed individual iodine concentrations to be imaged at three different distances from the phantom's centre and to be averaged, thus minimizing possible radial effects in the image. (1)
The measured values of µ(1), µ(2), and ρ I are within 2% of the nominal values of the iodine attenuation coefficients and iodine solution concentrations, respectively; this is also within the precision of the compositions of our solutions.
CCT measurements. Two CCT measurements were made: (a) 80 kVp and 800 mA s, that is 2.8 cGy surface dose (not shown) and (b) 100 kVp and 400 mA s, 2.4 cGy (figure 10). Figure 11 plots the CT numbers of the individual iodine solutions averaged over all the five channels of that solution's concentration in the phantom, for all four measurements. The image noise was also averaged over several areas. The higher image noise in the 33.25 keV image, compared to the 43 keV image, is attributed to smaller x-ray transmission (1/75 for 33.25 keV against 1/36 for 43 keV in the 13.5 cm acrylic phantom), which resulted in larger, uncorrected detector nonlinearities. The CT numbers for the 240 µg I ml −1 channels are 26 ± 3, 18 ± 1, 13 ± 3, and 9 ± 3 HU for 33.25 and 43 keV MECT and 80 and 100 kVp CCT, respectively. The corresponding numbers from the simulations are 26 ± 1.5, 17±1.2, 12±2.6, and 9±1.9 HU, respectively (table 5). These results indicate a twofold to threefold advantage in iodine image contrast for MECT over CCT at beam energies relevant in imaging the human neck.
We note that the reason the iodine channels look darker than the phantom's bulk in figures 8 (43 keV) and 10 (55 keV mean energy) but lighter in figure 9 (33 keV) is that at 43 and 55 keV the linear attenuation coefficient of acrylic is higher than that of water, while at 33 keV it is lower. At all energies, higher iodine concentrations are lighter in the image.
The iodine signal and noise results in figure 11 and table 5 can be used to estimate the minimum detectable iodine concentrations for each of the three measurements. However, comparison of the outcomes among the three is not valid because these measurements are not matched by their dose and spatial resolutions. Using the Rose condition (Rose 1948) , indicating that the detectable signal must have a signal-to-noise ratio, SNR k, where k ranges from three to seven, and assuming k = 5, we can deduce the minimum detectable iodine concentrations from the plots of figure 11. For example, the 43 keV MECT measurement has a noise of 1 HU, and, therefore, a detectable signal of 5 HU, which corresponds to a concentration of ≈ 100 mg I ml −1 . The corresponding iodine concentrations for the 33.25 keV MECT and 80 and 100 kVp CCT measurements are ≈ 150, ≈ 265, and ≈ 400 µg I ml −1 , respectively. The appearance of the CT images (figures 8-10) supports these results: successive channels are distinguished from each other mostly up to channels 3 or 4 in the 43 and 33.25 keV MECT images, and mostly up to channels 2 or 3 for the 100 kVp CCT image.
Summary and conclusions
Comparisons of image noise between the MECT and the CCT measurements are not conclusive because the parameters of the two systems were not matched. Such a matching is virtually impossible for two systems as different as MECT and CCT. Difficulties are accentuated by the strong dependence of noise on the shape of the MTF curve and on individual parameters affecting that shape, including the detector's resolution, source size, slice height, scan geometry, image pixel size, reconstruction geometry and reconstruction filter, and possibly other post-reconstruction filtration features. However, we can suggest that MECT has an advantage in having lower noise than CCT; the simulation results are a testimony to this point. The results on iodine contrast are conclusive: MECT immediately above the iodine K-edge has a twofold to threefold advantage over CCT depending on beam energies used for MECT and CCT. This advantage of MECT may be significant for CT angiography of the neck. The MECT results were hampered by the instability of the beam's profile, the large pitch of the low-resolution detector that required its extensive masking, and the lack of correction routines for the detector's non-linearity. These limitations will be removed: a bent LaueLaue monochromator (Schulze et al 1994) using Si 331 crystals is being constructed to alleviate the problem of beam-profile instability; a new detector with 0.9 mm element pitch is being developed; and non-linearity correction software is being installed.
